Bone is an organic-inorganic composite with the ability to regenerate itself. Thus, several studies based on artificial organic-inorganic interface sciences have been tried to develop capable materials for effective regenerative bone tissues. Hydroxyapatite nanoparticles (HAp NPs) have extensively been researched in bone tissue engineering due to the compositional and shape similarity to the mineral bone and excellent biocompatibility. However, HAp alone has low mechanical strength, which limits its applications. Therefore, HAp NPs have been deposited on the biocompatible polymer matrix, obtaining composites with the enhanced mechanical, thermal, and rheological properties and with higher biocompatibility and bioactivity. For developing new biomedical applications, polymer-HAp interfacial interactions that provide biofusion should be investigated. This paper reviewed common coating techniques for obtaining HAp NPs/polymer fusion interfaces as well as in vitro studies of interfacial interactions with proteins and cells, demonstrating better biocompatibility. Studies based on interfacial interactions between biomolecules and HAp NPs were highlighted, and how these interactions can be affected by specific protein preadsorption was also summarized.
Introduction
Human bone is an organic-inorganic composite having the components of collagen fibrils containing embedded and well-disposed, nanocrystalline hydroxyapatite (HAp) with 25-50 nm length and rod-like shape [1] . Bone has the ability to repair and regenerate itself for damage. Nevertheless, old age, diseases, and trauma can negatively affect bone functions, and these functions only can be restored with surgical reconstruction by the implantation of bioceramics, which is aimed at generating an environment to stimulate specific cellular responses in order to promote osteogenesis [2] .
Bioceramics are biocompatible ceramics that have been used for biomedical applications in both crystalline and amorphous forms [3] . Bioceramics can be classified into three bioinert, bioactive, and resorbable or biodegradable types.
Bioinert bioceramics (e.g., titania (TiO 2 ) [4] , and zirconia (ZrO 2 ) [5] ) have high chemical stability as well as high mechanical strength in vivo. After the implantation into bone tissues, they act as the guideline of "contact osteogenesis" [6] . Though inert ceramics do not form a bonding with the bone [7] , a thin fibrous tissue layer immediately adjacent to the surface can be formed, creating a separation between the bioimplant and the host and generating minimal tissue response and the inability of the implant to encourage bonding of natural bone by the osteoconduction process [2] . The interfacial zone thickness between the biomaterial surface and the host tissue is determined by the level of bioactivity [8, 9] . The use of bioactive materials can prevent these problems since these materials are partially soluble in water, resulting in the direct chemical bonding with bone.
Bioactive bioceramics (e.g., hydroxyapatite (HAp), tricalcium phosphate, biphasic calcium phosphates, bioactive glass, and some glass-ceramic formulations [10] [11] [12] ) are osteoconductive and have the capability to form chemical bonding with living bone tissues, taken in accordance with the guideline of "bonding osteogenesis." Generally, the mechanical strength of bioactive ceramics is lower than that of inert bioceramics [1, 4] . Due to the ability of varying the calcium to phosphorus ratio (i.e., the bioactivity based on the resorption rate), it allows controlling the rate of bone growth as the bioceramic is resorbed [13, 14] . "Osteoconductive bioceramics allow attachment, proliferation, migration and phenotypic expression of bone cells, leading to the formation of new bone" [15] .
Resorbable or biodegradable bioceramics (e.g., calcium phosphates like tricalcium phosphate (TCP) and carbon-contained HAp (CHAp) [16] [17] [18] [19] ), in vivo, are gradually adsorbed and replaced by endogenous bone tissue. The incorporation guideline is similar to contact osteogenesis; however, the interface between the bone and resorbable bioceramics is not stable as that of bioinert ceramics [4, 14] . These bioceramics are clinically relevant due to the controlled chemical apportionment and resorption [2] . All the chemical formulations can be produced in the forms of crystals, powders, particles, granules, scaffolds, and/or coatings [20] [21] [22] .
Nanotechnology has allowed the preparation of nanostructured biomaterials, giving way to the third generation of bioceramics, focused on the enhanced bioactivity and the initial physiological trace inducing an enhanced cell to respond at the molecular level in order to regenerate tissues due to their similarity to the inorganic component of human bone tissues [1] . A nanobioceramic is defined as ceramic less than 100 nm in at least one direction [23] . Nanobioceramics are highly biocompatible, stable at a physiological environment, and corrosion-resistant and have remarkable higher specific surface area and volume ratio and contain a higher quantity of grain boundaries than the conventional counterparts, offering better surface properties such as topography, energy, roughness, and wettability which potentially favor cell response [24, 25] . Besides, they become more active with regard to dissolution and recrystallization processes [2] . Bioceramics play a crucial role, enabling the design of bioceramics that can provide better suitability to biological tissues to empower their regeneration through natural signaling pathways and using natural components such as cells, growth factors, and proteins, adjusting the interactions between the biological tissue and bioceramics.
In this paper, HAp nanoparticles (NPs) have been deposited on the biocompatible polymer matrix, obtaining composites with enhanced mechanical, thermal, and rheological properties and with higher biocompatibility and bioactivity. For developing new biomedical applications, polymer-HAp interfacial interactions that provide biofusion should be investigated. This paper reviewed common coating techniques for obtaining HAp NPs/polymer fusion interfaces as well as in vitro studies of interfacial interactions with proteins and cells, demonstrating better biocompatibility. Studies based on the interfacial interactions between biomolecules and HAp NPs were highlighted, and how these interactions can be affected by the specific protein preadsorption is also summarized.
Hydroxyapatite Nanoparticles

Structures and Their Properties.
The inorganic component of bone and teeth is nanocrystalline HAp, which provides the toughness and ability to withstand pressure. This calcium phosphate is stacked and aligned with the organic matrix formed by collagen fibers, glycoproteins, and mucopolysaccharides for conferring the elasticity and resistance to the structure [26] [27] [28] . HAp belongs to the apatite group with a composition of M 10 (ZO 4 ) 6 X 2 . The elements that can occupy M, Z, and X are:
(i) M = Ca, Sr, Ba, Cd, Pb, etc.
(ii) Z = P, V, As, S, Si, Ge, etc.
(iii) X = F, Cl, OH, O, Br, etc.
Despite the great variety of compounds that can be prepared by substituting elements at the M, Z, and X sites, the apatite compounds have a common crystal structure that is characterized by the space group P6 3 /m and a hexagonal system and with similar X-ray power diffraction patterns [26, 29] . The chemical formula of stoichiometric HAp is Ca 10 (PO 4 ) 6 (OH) 2 with a Ca/P ratio of 1.67 and properties including solubility, bioactivity, osseointegration, and osteoinduction [1, 24] . By changing the Ca/P ratio, several calcium phosphates can be obtained [29, 30] . Figure 1(a) shows the crystal structure of HAp projected along the c -axis, centered on the hexagonal c-axis channel. Figure 1 (b) exhibits an overview of the HAp unit cell structure, indicating the negatively charged c-plane due to the rich content of phosphate ions and the positively charged a-plane due to the content of calcium ions.
The properties of HAp can significantly affect the particle composition, assembly, size, and morphology. Nanosized HAp NPs (20-80 nm) have shown to be more efficient in osteoblast adhesion and proliferation and improved mineralization [24] . Since the sizes of the microparticles are not much smaller than those of cells, the microparticles are not able to penetrate into the cell wall and will be promptly degraded by phagocytosis [2] . Among the nanoscale levels, it has been reported that HAp NPs with the size of around 20 nm are better for cell proliferation and induction of apoptosis in some cancer cells [31] [32] [33] . It was found that the spherical and rod-like shapes of HAp NPs showed remarkably less cytotoxicity as compared with the needle and plate-like shapes [34] .
The obtained sizes and shapes of HAp depend strongly on the synthetic route as well as synthetic parameters [35] . HAp nanostructures of spherical shapes with the sizes of 5-200 μm, rod-like shapes with those of 5 nm-150 μm, and needle-like shapes with those of 40 nm-150 μm can be synthesized by diverse methods such as the mechanochemical method [36, 37] , hydrolysis method [38, 39] , sol-gel method [40] [41] [42] , hydrothermal method [43] , chemical precipitation method [44] , emulsion method [45] , and solid-state reactions [46] . Nevertheless, mechanochemical, chemical precipitation, and sol-gel methods frequently result in irregular shapes with agglomerations. In the precipitation method, chemical agents have been used as modifiers to control the sizes and morphologies. The most reported agents are (i) complex ligands such as citric acid [47, 48] , ethylenediaminetetraacetic acid (EDTA) [49, 50] , tartaric acid, or acetic acid [51, 52] Journal of Nanomaterials and (ii) organic molecules such as amino acids [53] , polymers [54, 55] , and surfactants like cetyltrimethylammonium bromide (CTAB) [56] . For example, CTAB has been used as a rod-like micelle template (see Figures 2(a) and 2(b)). After the addition of CTAB into the solution, bromine ions on the surfaces of the formatted micelle of CTAB are replaced quickly with phosphate ions. The precursors which reacted with phosphate ions on the surfaces of CTAB micelles formed the HAp nanostructure [57] . HAp-based nanophase materials offer excellent biocompatibility, biodegradability, and osteoconductive and osteoinductive properties [35, 58] and have been widely applied for several biomedical applications as shown in Figure 3 . Among the most important biomedical applications are bone filling and medical implants [16] [17] [18] [19] , bone tissue engineering scaffolds [20] , bioactive coatings, composites with antibacterial properties [17] , drug delivery systems [21, 26] , bioimaging and diagnosis materials [28] [29] [30] , and biosensors [17] . The shapes, sizes, crystalline phases, and functional groups are responsible for the surface reactivity of HAp (i.e., biorelevant parameters).
Biomedical Applications.
Several forms, shapes, and sizes of HAp have been synthesized and investigated; however, nanosized HAp exhibits enhanced bioactivity, biocompatibility, mechanical properties, and higher resorbability as compared with microsized HAp [59, 60] . The particles can be incorporated inside the cells, when the particles have the appropriate sizes and the charge are up to about 200 nm and is positive [61] . HAp NPs with crystalline sizes less than 100 nm have the ability to cross the natural barrier and interfaces of the cells and can deliver drugs in sites with difficult access sites of delivery; in addition, they have the possibility to associate and they can bind with DNA and proteins owing to the cell structure. The dynamic and energetic length scales of HAp NPs match with those exhibited by many biological processes [58] . The interfacial properties of nonstoichiometric HAp due to calcium and hydroxide ion deficiency confer higher solubility and interfacial reactivity, favoring both biomolecular adsorption and ion exchange [35] . In drug delivery systems, the hollow and porous HAp spheres showed better properties due to the higher surface areas and 3D porous architectures with nanosized channels allowing greater drug storage and a better release with higher intake capacity and better pH behavior response for drug release [62] . These NPs can form mesoporous structures with pore sizes around 4.0-14.0 nm and a surface area up to 46.5 m 2 /g [1] . For bone regeneration, it is attempted to synthesize chemical and crystallographic HAp NPs, which were more effective for promoting cell proliferation and cellular activity [63, 64] , to obtain excellent biocompatibility and optimal mechanical properties in terms of hardness, rigidity, bioresorbability, and biodegradability [10, 11] . The cells cultured with the spherical HAp NP suspension showed better osteoblast proliferation, cell adhesion, migration, and cell-matrix interactions, suggesting that spherical HAp NPs are more hazardous than needle-like shape particles [60, 63] . In vitro studies showed that HAp NPs with a particle size of 20 nm have enhanced cell viability and proliferation of bone marrow mesenchymal stem cells and inhibited the growth of osteosarcoma cells [41] . HAp NPs with a diameter of about 50 nm showed the apoptotic action of the hepatoma cell line [44] . Bioimaging properties such as photostability, biocompatibility, and spherical shapes are necessary properties [61] . HAp NPs doped with lanthanide or europium ions are prepared by integrating into the HAp structure by ion exchange during synthesis for bioimaging applications. These NPs having crystalline sizes around 10-50 nm are included in the lattice to endow the NPs with luminescence moiety and are detected due to the fluorescence caused by an external stimulus [65] [66] [67] . This strategy is better than the use of fluorophores since it avoids inconveniences as poor stability and photobleaching [67] . For antibacterial activity applications, studies have been done by doping HAp with metals such as silver, copper, or zinc, obtaining a decrease in bacterial growth in all cases 3 Journal of Nanomaterials [26, 27] . However, of these metals, zinc (Zn) is the less toxic metal. In the case of HAp doped with Zn, when Zn was incorporated into the structure, nanocrystals decreased in size, which favored the biocompatibility with fibroblast cells in vitro (see Figures 2(c) and 2(d)) and increased the antibacterial activity due to the bioresorbability and biodegradability properties [68] . The doping with Zn promoted the proliferation and differentiation of fibroblast cells as compared with pure HAp [58, 68] . The rod-like HAp nanocrystals showed the better biomimedical features as the bone fillers and promoted osseointegration, followed by the bone tissue regeneration, since the biological HAp in the body tissues consisted of the rod-like HAp nanocrystals. Thus, filling the bone with similar HAp NPs increases the concentration of bioactive molecules generating successful osseointegration in vivo and in vitro [69, 70] . Micrometer-scaled pores at Journal of Nanomaterials around 1-10 μm and >100 μm have an important effect on bone formation. Microporosity is related with the osteoinduction process and promoted cartilage formation before osteogenesis [61] , while the smaller pores (1-10 μm) induced direct osteogenesis [23] . It has been reported that pore sizes of 100 μm enhanced cell spreading and migration, whereas pores of >300 μm promoted the formation of bone and capillaries [1, 61] . The applications of HAp NPs are remarkably influenced by their shapes, sizes, and crystallinity. Spherical HAp NPs can imitate the hierarchical features of the human bones, which enhanced the cell adhesion, proliferation, differentiation, and osseointegration in vivo [70] . The control of these parameters is the fundamental factor to determining the physicochemical properties and biological activity of HAp.
Biomedical Polymeric Substrates
3.1. Surface Modification. Studies on polymers applied to the medical field began in the 20 th century; nonetheless, at the end of the 1950s, the use of polymers in medicine and medical applications was intensified because of their good biocompatibility, low toxicity, bioinert nature, and good mechanical properties such as strength, abrasion resistance, and flexibility [10] [11] [12] [13] [14] . The nature of the chemical bonds of the main chain of the polymer determines the polymer properties [71] . In the nondegradable polymers, the carbon-carbon bond is chemically and biologically stable and inert. Nevertheless, the physiochemical properties can be modified by the oxidation of the carbon backbone, changing the mechanical properties, crystallinity, hydrophobicity, weight, solubility, chemical composition, and melt and glass transition temperatures of the polymer [72] [73] [74] [75] . Biodegradable polymers have hydrolytically unstable linkages. In the backbone of the polymers, the end group contains ester, amide, or ether bonds [76] . Functional groups frequently found in these biodegradable polymers are esters, anhydrides, orthocenters, and amides [72] . Biodegradable polymers as well as nondegradable polymers have been widely used in biomedical applications such as medical devices [73, 77] , sutures [72] , drug delivery systems [78] [79] [80] [81] , scaffolds for tissue engineering [82] [83] [84] [85] , implants [86] [87] , and organ regeneration [88, 89] . The basic properties as well as the most notorious biomedical application are listed in Table 1 for the most common biocompatible polymers, which were classified into biodegradable and nonbiodegradable types.
The chemical compositions and structures of the polymer surfaces will determine the interfacial interactions that take place between the biological media (such as proteins, cells, and tissues) and the polymer substrates [133] . In order to improve the biointeractions, specificity, biofunctionality, biorecognisability, and biocompatibility of the biomedical polymers, the several techniques have been used for modifying the surfaces (i.e., controlling the roughness, domain or ionic charge, introduction of functional sites, adsorption of molecules, or higher hydrophilicity) [133] [134] [135] . Surface modification methods can be divided in two categories. (1) Physicochemical methods alter the atoms and molecules of the polymer surface. Among the most used physicochemical methods are ion beam etching, plasma etching, corona discharge, ion beam implantation, ion exchange, UV irradiation, chemical reactions like nonspecific oxidation, functional group modification, addition and derivatization of reactions, and surfactant or hydrophilic polymer immobilization [133, 134] . In contrast, (2) coating of the polymer surface with an external hydrophilic layer can be raised [136] . These methods include photografting, chemical grafting, radiation grafting, electron beam-induced grafting, plasma, gas phase deposition, silanization, gas phase deposition, laser ablation, biological methods [133, 134, 137] , and patterning [135] . These treatments have been used to obtain functional groups at the surface, leading to the increase in energy, lubricity, electrical conductivity, and dyeability at the surface; improvement in hydrophilicity; introduction of surface cross-linking; and removal of contaminants or weak boundary layers [138] . Thin surface modifications which only modify the outermost molecular layer would be ideal in order not to change the mechanical and functional properties of the polymer, although the minimum thickness required depends on the length of the molecule to be incorporated [135] . The intermolecular interactions at the overlayer of the modified region will produce the surface rearrangement through the diffusion or translation of the atoms or molecules at the surface as a response of the stresses transmitted from the matrix across the interfaces [135, 139] . If the interactions between the overlayer and the substrate are not strong, or the surface modification layer is very thin, surface reversals will occur [137, 140] . Among the surface modification methods, oxygen plasma treatments have been widely used to form the reactive silanol groups on the surface of the siloxane component, which increase the hydrophilicity, wettability, characteristic, and biocompatibility at the surfaces of biomedical polymers including devices or implants [141] [142] [143] .
One of the most used polymers in biomedical applications is polydimethylsiloxane (PDMS), due to the good biocompatibility, low toxicity, high flexibility, good thermal and oxidative stability, low modulus, antiadhesive nature, soft and rubbery behavior, bioinertness, transparency in the visible region, and control of free volume with the aim of accommodation of metal nanoparticles [1, 144] . Anteriorly, our group has reported the incorporation amount and state of gold nanoparticles into the PDMS by controlling the cross-linking degree during the hydrosilylation reaction (see Figure 4) . The general reaction between the siloxane oligomer (liquid PDMS) and the siloxane cross-linker takes place to generate the cross-linked PDMS as shown in Figure 4 (a). Figures 4(b) and 4(c) show the UV-visible adsorption spectra and photographs of gold-PDMS composite films containing 2 to 10 wt% of the cross-linker to PDMS. In gold-PDMS composite films containing low cross-linker concentration (less than 4 wt%), the aggregation of gold nanoparticles was found. For gold-PDMS composite films containing 6 wt% of the crosslinker, gold nanoparticles were dispersed in the film [145] .
3.2. Surface Functionalization. The surface structure of the biocompatible polymer is able to enhance protein adsorption, and then the cells interact with the proteins, leading to Orthopedic fixation tools, ligament and tendon repair, and vascular stents [130] [131] [132] the cells forming tissues on the biomedical polymer. In this manner, it is desirable to tailor the surface of the biomedical polymer in order to provide a biocompatible physicochemical environment to guide the cells to form tissues [146] [147] [148] [149] .
These specific requirements will depend on the medical applications. For tissue engineering, it is necessary to give good biocompatibility, cell adhesion, and biodegradable properties [150] . On the other hand, for drug delivery systems, multiresponse properties are desirable for intelligent control of drug release [151] . A great variety of superficial physicochemical properties can be obtained through surface modification; however, to obtain specific requirements, it is necessary to functionalize polymer surfaces [146] . Surface modification can serve as the bench for surface functionalization to improve the properties [152] .
Two commonly used strategies to functionalize polymers can be raised: (1) functional groups are introduced into polymer monomers. Although hydrophilic co-monomers can be inserted into the prepolymerization system by chemical functionalization, these monomers can alter the bulk properties, which is not desirable for biomedical applications [136] . (2) Functional groups are introduced into the polymer chain by the further modification of the prepared polymer [150] [151] [152] [153] . Strategies for functionalization of biomedical polymers include topography (surface graft polymerization or thin film deposition by chemical vapor deposition (CVD)) and immobilization (such as proteins, nucleic acids, and carbohydrates) [154] . It has been reported that plasma treatment allows precisely controlling the chemical functionalization and morphology of the surface of biodegradable and nonbiodegradable polymers, which results in coating with good stability and better compatibility with the biomolecules and host cells in liquid media [146, 155, 156] . Some biocompatible polymers exhibit a hydrophobic surface, which impairs the desired cellular response. Functionalization through graft polymerization has been extensively studied [157] [158] [159] [160] . The surface graft polymerization method tailors the properties of the polymer through the direct introduction of other types of monomers on the polymeric surface without alteration of the bulk properties [153] . Hydrophobic polyurethane (PU) scaffolds were modified by grafting hydrophilic methacrylic acid (AA) monomers (under UV light), resulting in hydrophilic polyurethane methacrylic acid (PMAA) with better cell compatibility than pure polyurethane (PU) [157, 161, 162] .
By plasma-enhanced CVD (PECVD), different kinds of polymeric surfaces can form different types of thin films depending on inorganic coatings such as carbon nanotubes [163] , diamond-like carbon [164] , ZnO [165] , TiO 2 [166] , and SnO 2 [167] . Diamond-like carbon (DLC) has been used as a biocompatible hard coating on biomedical polymers, showing higher flexible properties [168] . The amorphous nature of DLC allows incorporating elements like Si, F, P, Ag, and N, which improve the properties of the polymer [169] [170] [171] .
3.3. Applications and Assignments. Surface-functionalized biomedical polymers are expected to show good potential properties for blood-contacting devices [172] , tissue engineering applications [173] , drug delivery systems [174] , selective protein adsorption [175] , and antibacterial applications [176] . Blood-contacting medical devices have thrombogenic complications. In order to prevent blood clotting, it is necessary to improve the biocompatibility and hemocompatibility of the polymer. Blood compatibility based on the platelet test in calcium-and phosphorous-doped DLC films on low-temperature isotropic pyrolytic carbon (LTIC) was studied. It was found that calcium-and phosphorousdoped DLC films reduced the platelet adhesion in comparison with pure LTIC, suggesting that DLC doped with calcium or phosphate enhanced the hemocompatibility [172] .
For tissue engineering, cell compatibility is necessary. Our group studied the effect of vitronectin and γ-globulin in PDMS films untreated and treated with plasma on defined culture conditions. Figure 5(a) shows the schematic representation of the plasma treatment and the contact angle before and after oxygen-plasma treatments of PDMS, demonstrating the surface modification from hydrophobic to hydrophilic surfaces after the plasma treatment. Figure 5(b) is followed by the functionalization of the surface with γ-globulin and vitronectin and the interactions with human-induced pluripotent cells (hiPSCs). It was found that γ-globulin on the untreated PDMS surfaces blocked the vitronectin adsorption, which prevents hiPSC adhesion [177] . It was reported that allylamine plasma deposition on poly(D,L-lactic acid) (PDLLA) promoted N3T3 fibroblast adhesion and proliferation. It was demonstrated that the amino groups have supported the cell attachment, obtaining better cell activity and attachment on the allylaminedeposited PDLLA scaffolds [173] . PDMS was pretreated with air plasma and subsequently amorphous titanium deposition by liquid-phase deposition (LPD) to obtain an amorphous titanium-PDMS thin film with antibacterial activity. Titanium surfaces showed better antibacterial effect for Gram-negative than for Gram-positive bacteria [176] .
Mild Coating of Hydroxyapatite
Nanoparticles on Polymeric Substrates 4.1. Electrophoretic Deposition. Artificial bone is one of the most transplanted tissues. For this reason, the interest to develop new and more biocompatible inorganic-organic composites is increasing [178] , not only because the physicochemical properties of the composites provide the necessary properties for bone replacement but also because human bone tissues are the nanocomposites formed by inorganic HAp (70 mass%) embedded in an organic matrix composed of collagen (30 mass%) and noncollagenous proteins [179, 180] . The objective of the incorporation of HAp into the biocompatible polymer matrix enhances the mechanical strength and provides the topographic features to improve the integrity of implants and the surrounding bone and to stimulate bone tissue ingrowth [181] . The coating methodology has the advantages to cover porous and irregularly shaped surfaces and to have control over the thickness [182] . Electrophoretic deposition (EPD) is a functional coating technique associated with the movement of charged particles in a liquid, which takes place by applying an electric field. The charged particles of the suspension can be deposited on the conductive or semiconducting substrate, creating a uniform particulate film. The film thickness depends on several factors such as viscosity, conductivity, zeta potential [183] , and particle concentration in the suspension, deposition time, and applied voltage [184] [185] [186] . The coverage of some polymers with HAp has been investigated by EPD Journal of Nanomaterials using AC (alternating current) or DC (direct current) in different alcoholic solvents for the biomedical applications [187] . The advantages of EPD are the possibility of uniform covering of the substrates with complex shapes, control of the microstructures, rapid deposition, simple and low-cost techniques, room temperature, and suitability of co-deposition [187] [188] [189] . A schematic representation of the electrophoretic deposition process is shown in Figure 6 . In the suspension, the alcoholic solvent is adsorbed on the c-plane of HAp to generate ionic dissociation [190] . Thus, the negatively charged ethoxide ion and positively charged HAp nanocrystals were formed. Thus, the positively charged HAp nanocrystals, dispersed in the alcoholic solvent, move towards the negatively charged substrates under the influence of the applied electric field and the HAp nanocrystals are deposited on the polymer forming the dense particulate layer [191] . The EPD of the HAp-alginate and HAp-chitosan (CS) composites has been reported with the uniform coatings at the thickness of up to 60 μm [192, 193] . However, it has sought to improve the physicochemical properties of composites through co-deposition with other materials such as bioactive glass, obtaining bioactive glass-HAp-alginate and bioactive glass-HAp-CS composite coatings for biomedical applications. The film thickness in the range was up to several micrometers, although the deposit states were nonuniform because of the use of relatively larger bioglass particles [194] . The co-deposition of carbon nanotubes (CNTs) and HAp nanoparticles with crystal sizes of 20-40 nm has been investigated to obtain the microstructured HAp-CS-CNT composite coatings, indicating the enhanced, mechanical properties (hardness, elastic modulus, and adhesion strength), bioactivity, and corrosion-resistant properties [188] . The co-deposition of polyether ether ketone (PEEK) and HAp to obtain PEEK-HAp composite coatings with approximately 70 μm of thickness has been successfully obtained for the improved bioactivity [187] . The cathodic EPD of graphene (Gr), CS, and HAp on Ti substrate in ethanol suspension resulted in HAp/CS/Gr coatings with crystalline domain sizes of 42.6, 25.1, and 22.0 nm, respectively. The HAp/CS/Gr coatings showed improved morphology, thermal stability, and bioactivity by the incorporation of Gr [195] . Our group has reported EPD of HAp nanocrystals doped with zinc (Zn : HAp) on conductive silicone (Ti-silicone) to improve the biocompatibility and provide antibacterial activity. The thickness of the Zn : HAp nanocrystal layer was 20-50 nm. It was observed that there was better adhesion and spreading of the fibroblasts on the Zn : HAp film doped with 5 mol% of zinc ion (0.5-Zn : HAp) as shown in Figure 7 [196] .
Biomimetic Processes.
Biomineralization (or biological mineralization) is a well-regulated process, which is responsible for the controlled formation of inorganic materials from aqueous solution in living organisms [197] . The formation of inorganic biomaterials is demonstrated by the result of the combination of three physicochemical stages of supersaturation, nucleation, and crystal growth [198] . At the first stage, inorganic ions in the supersaturated body fluid start forming the nuclei [199] . The surface reactions between the nuclei develop the aggregation-based crystal growth [197] . Interactions between the aggregates and the ions in the solution generate the formation of stable clusters, followed by anisotropic crystal growth and phase transformation from amorphous calcium phosphate (ACP) to octacalcium phosphate (OCP). The next step is the transition from OCP to the well-ordered biological HAp crystals (BAp) [199] [200] [201] [202] . The schematic representation of the biomineralization process is shown in Figure 8 . In the living body, osteoblasts secrete a collagen-proteoglycan matrix. This matrix is important in controlling the mineralization [203] . Collagen can stabilize the amorphous clusters until they become HAp and orientate the formation of the HAp along the c-axis, which 
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Journal of Nanomaterials allows preferential binding with acidic extracellular matrix (ECM) proteins on its surface [197] .
The new technology called "bioinspired growth" has been sought to emulate the natural biomineralization process in order to obtain bioactivity and mechanical properties, which can improve the biointeractions with the human bone [204] . Organic-inorganic fusion interfaces can be constructed by placing the polymer in simulated body fluid (SBF), which is a metastable solution containing supersaturated calcium (Ca 2+ ) and phosphate (PO 4 3− ) ions. This process is a simple and inexpensive technique that can coat complex shapes [205] . Synthesis of nanocomposites with biocompatibility and similar structures to the natural bone by mineralization of nano-HAp on the assembled collagen has been reported [206] . It has been observed that the formation of HAp begins with the union between Ca 2+ ions and negative ions on the polymer surface. The number and arrangement of the functional groups in the surface are important factors for HAp formation [207] . Higher functional groups on the polymer produce a higher HAp nucleation rate [208] . Nucleation occurs at the specific sites, and the polymer directs the nucleation [209, 210] . As described above, some functional groups on the surface of polymers such as silanol groups (Si-OH) [211, 212] , carboxyl groups (-COOH) [213] , and sulfonic groups (-SO 3 H) [214] can effectively induce the formation of HAp through interactions with Ca 2+ ions. Ca 2+ ions are the key factor for HAp coating on polymers. The control of the deposition and growth conditions of deposited HAp can be carried out by changing the composition of the SBF solution. The thickness of the coated HAp can be controlled by the immersion time [207] . Our group has studied the biomineralization process to promote BAp growth from SBF by three different processes in Figure 9 : process 1-the bare (gold (Au), Ti, and HAp) substrates induced BAp growth by immersion; process 2-the fetal bovine serum (FBS) proteins preadsorbed on the substrates showed slight BAp growth, indicating the significant inhibition of BAp growth [215] ; and process 3-the BAp coating technique on tissue culture poly(styrene) through film formation by the L-α-phosphatidylcholine phospholipid vesicle (PV) was achieved, obtaining a transparent HAp-PV film with stability against sterilization treatments, suggesting cell culture dish application [216] .
Other Techniques.
It has been observed that incorporation of HAp into the polymer matrix can enhance the mechanical properties, increase the roughness, and produce a topography that allows mimicking the nanostructure of the bone [217] . Among the most used techniques for the manufacture of HAp/biocompatible polymer composites are the solvent-solution casting method [218] , plasma spraying process [219] , electrospinning [220] , electrochemical deposition [221] , thermally induced phase separation (TIPS) also known as freeze-drying method [222] , and pulsed laser deposition [223] . Calcium-deficient HAp nanocrystals (d-HAp) dispersed in N,N-dimethylformamide (DMF) were successfully deposited on PLA by the solvent-casting technique. d-HAp was homogeneously distributed on films and had similar morphology, composition, and crystalline structure to BAp. The thickness of the PLA/d-HAp nanocomposite films was about 0.1 mm. The tensile modulus of PLA/d-HAp nanocomposites was 2.77 GPa and higher as compared with that of pure PLA (1.66 GPa) [224] . The potential toxicity of the solvents is the major drawback of 
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Journal of Nanomaterials the solvent-casting technique. The fabrication of the nanofibrous (NF) gelatin/HAp composite scaffold by the TIPS technique mimicked the physical architecture and chemical composition of ECM in natural bone. NF-gelatin/apatite scaffolds showed significantly higher mechanical strength and better osteogenic differentiation, suggesting the use in bone tissue engineering [225] . This technique could present the toxicity due to the used solvents. The HAp/cellulose nanocomposite films were developed by the incorporation of HAp NPs with the particle sizes of 20-40 nm into the cellulose matrix in NaOH/urea aqueous solution and subsequent coagulation with a Na 2 SO 4 aqueous solution. The thermal stability and tensile strength of the HAp/cellulose nanocomposite films were improved as compared with those of pure cellulose. The HAp/cellulose nanocomposite films showed excellent biocompatibility with nontoxicity [226] . These techniques to form inorganic-organic composites are more innovative, although they have the disadvantage of being more complicated and having a higher cost.
Polymer/Bioceramic Fusion Interfaces
5.1. Polymer/Bioceramic Cell-Interactive Interfaces. The process of bone tissue formation is called osteogenesis and is carried out by two ossification mechanisms: intramembranous (IM) and endochondral (EC) [227] . In IM ossification, mesenchymal stem cells (MSCs) derived from the neural crest are attached at the bone formation site, and then MSCs proliferate and condense into compact nodules and subsequently differentiate into osteoblasts. Osteoblasts capture the calcium, carbonate, and phosphate ions for the formation of HAp nanocrystals from the blood and deposit them in the osteoid matrix and also secrete the matrix components to promote calcification tissue. In this process, the transcription factor and morphogenic proteins are expressed [228] . EC ossification is responsible for the formation of long bones. After the condensation, MSCs differentiate into chondrocytes to form cartilage templates that will later be replaced by endochondral bone. In the growth plate, the extracellular matrix (ECM) is composed of type II, IX, X, and XI collagen, proteoglycans containing glycosaminoglycans (chondroitin sulfate), hyaluronic acid, molecular components like matrilines, and cartilage oligomeric matrix protein, among others [228, 229] . In the HAp/polymer fusion interfaces, as mentioned in Section 4, HAp provides good osteoconductivity, bioactivity, and a biocompatible interface, while the polymer contributes a continuous and flexible structure to obtain a high surface area and high porosity composites, which allows anchoring, growth, and differentiation of cells for bone formation such as fibroblasts [230] . However, polymer/bioceramic interfacial functions for providing preferential biomolecular interactions at the nanoscale were not understood so far.
For porous composite structures, the study of the interactions between the HAp/bioinert polymer and the cells is carried out using in vitro cell culture models. One of the most important states for cell/HAp/polymer interactions, which can be called "biofusion materials," is the characteristic of cellular adhesion [231] . It has been reported that chemical compositions, crystallinity, topographical structures, particle sizes, and surface properties can directly affect the cell adhesion, proliferation, and differentiation [232] . The topography of the composites promotes the adsorption of specific proteins, which affects the cellular characteristics. Surface roughness can induce cell adhesion and proliferation [233] . It has been demonstrated that the pore interconnectivity, pore size, and total porosity are important factors for the cellular attachment, proliferation, and nutrient diffusion. If the pores are very small, cell migration is difficult, which generates cellular encapsulation around the implanted composite. The limited diffusion of nutrients and the reuse of waste cause necrotic regions. If the pores are very large, the surface area decreases, which hinders cell adhesion. Pore size determines the number of struts and ligands available for cell adhesion [234] . In the composites, pore diameters of 186-200 μm can transport nutrients and metabolites and ingrowth of blood vessels, while pore diameters of 10-100 μm take nutrients and throw waste and ingrowth capillaries [235] . It has been reported that osteoblastic cells could be attached easily to the Hap-coated surface, allowing osteoid formation with chemical and biological interactions between the implanted composites and the bones [236] , indicating the importance of HAp surface properties.
The initial attachment of human osteoblasts (HOBs) on poly(ε-caprolactone) (PCL) and PLA as the matrix for compositing two HAp particles of (a) 50 μm size and sintered (HAp 50 ) and (b) submicron size (HAP S ) has been studied. After the cell culture for 4 h, the cells on the PLA/HAp composites showed a higher degree of cellular spreading than the case on PCL/HAp. The cells on PLA/HAp 50 and PCL/HAp 50 with the rough macrotextures exhibited more elongated morphology than those on the composites with HAP S . After 24 hours, cell activity on PCL/HAp and PLA/HAp composites was remarkably higher than the case on pure polymer films. The "point exposure" of HAp provides suitable composites for controlling the cell density on implant surfaces [237] . A synthetic HAp/collagen composite with similar composition and structure of natural bone was reported. In the in vivo and in vitro studies of biological reactions, the composites were resorbed by osteoclasts through phagocytosis and also promoted the adhesion of osteoblasts to form a new bone in the surrounding [238] . Our group achieved the microstructures of HAp NPs composited with SU-8 polymer micropatterns by a nano/microfabrication technique and studied the interfacial phenomena of hepatocytes. The hepatocytes interacted and promoted cellular aggregation and then preferential adhesion on HAp NP sites. Preferential adhesion was observed by a quartz crystal microbalance with dissipation (QCM-D) technique and optical microscopy ( Figure 10) [239].
Control of Cell-Protein-Hydroxyapatite Interfacial
Interactions. Cell adhesion, proliferation, migration, differentiation, and survival can be modulated by ECM proteins. The ECM can influence diverse types of cells such as osteoblasts, osteoclasts, osteocytes, and bone lining cells [178] . The ECM can be constituted by several constituents like arginine-glycine-asparagine (RGD) and peptides such as 12 Journal of Nanomaterials collagen (Col), laminin, fibronectin (Fn), and vitronectin [240] . Numerous in vivo studies showed that the implanted materials are immediately covered by interstitial fluids and blood proteins, indicating the importance of adsorbed proteins for the initial interaction [241] . In particular, fibrillar proteins such as fibrinogen and vitronectin favor the adhesion and migration of cells [242] . Attachments of the cells can occur via the integrin-mediated receptor, followed by clustering of transmembrane receptors to start the signaling cascade and finally regulate the attachment and characteristics of the cells, leading to the improvement of the environment for cellular interactions (cell-cell and cell-material) [243, 244] . The way in which the proteins are adsorbed causes specific cellular reactions to the underlying physicochemical properties of the material [242] . To control the cell function, it is necessary to clarify the ECM protein absorption because the structural organization of the proteins can result in different initial interactions with the cells [245] . The adsorption of proteins depends on surficial properties like free energy, wettability, roughness, and charge. Porous HAp improved protein adsorption and provided better viability as compared with the case by the dense HAp [235] . The water molecules from the solvents can be absorbed on the HAp surface to form the hydration layers, which has great influence on the three-dimensional arrangement of the proteins [246] . In the previous reports about hydration [246] , the possible schematic representation of protein adsorption on HAp is shown in Figure 11 . In the beginning, hydrated fibrinogen (Fgn) interacts with the hydration layer with possible dehydration. Then, Fgn absorption on HAp occurs, when the αC domain of the positively charged Fgn interacts with the negatively charged phosphate ions and hydroxyl groups of HAp. Because of the Fgn saturation and the Fgn-Fgn hydrophobic interactions, the adsorbed Fgn changes the conformation from "side-on" to "end-on" in Figure 11 (a). The adsorption model of albumin (Ab) could be "side-on" at the initial adsorption region at the monolayer. The positively charged calcium ions on HAp effectively bond with the imidazole and carboxyl groups of Ab. Nonfreezing water could suppress the denaturalization of the adsorbed proteins, suggesting the concept of "biofusion interfaces" as shown in Figure 11 (b) [247] . Several HAp/polymer/cell interactions have been studied to improve bone tissue regeneration and to control cell adhesion. HAp which bonded with insulin was incorporated in PLGA to obtain insulin-HAp/PLGA composites. In vitro studies showed better cell adhesion and differentiation with an accelerated osteogenesis on the insulin-HAp/PLGA composites as compared with the case on HAp/PLGA and pure PLGA, suggesting its possible application as an artificial bone for implantation and as scaffolds for bone tissue regeneration [248] . In vitro, the cellular response of HOBs to HAp roughness was studied. The increase in roughness increased the adhesion, proliferation, and detachment strength of the cells. The detachment strength could be due to the specific adsorption of serum proteins such as Fn. The substrates preadsorbed with Fn have resulted in high detachment strength [249] . Previously, our group investigated the interfacial phenomenon between the preadsorbed protein layer and cells on HAp and oxidized polystyrene (PSox) by the Voight-based 13 Journal of Nanomaterials viscoelastic model. With the increase in cell adhesion, the interfacial layer was changed from elastic to viscose. The cells on pretreated HAp showed rough fibrous pseudopods, whereas the pseudopods on the pretreated PSox were particulate, suggesting the change in the cytoskeleton and ECM [250, 251] . Our group observed the change in the arrangement of the ECM and the cytoskeleton at the interfaces due to the interactions between the cells and the proteins. The first interfacial phenomenon was carried out by the preadsorption of Ab, Fn, and Col, followed by the adsorption in FBS, and finally the cellular adhesion of osteoblasts. Col adsorption had higher elasticity and viscosity than the cases in Fn and Ab adsorption. Fn and Col formed the viscous interfacial layer and cell adhesion to exhibit the elongated cellular shapes with fibrous pseudopods, contrary to the modification of Ab that had round shapes (Figure 12 ). 14 Journal of Nanomaterials Figure 13 (a) shows the conventional successive events on bioceramic surfaces after implantation in the animal body, and Figure 13(b) shows the possible illustration of preferential mobility for cell adhesion by fusion interfaces between bioceramics and polymers, exhibiting comfortable viscoelastic and flexible structures that bind with the cells. The use of HAp/polymer composites depends on the mechanical requirements of the application. Rigid polymer substrates can be used for bone replacement or implanted to provide structural support or as tempered for bone regeneration, while soft polymer substrates can be used to replace cartilage or tendon or to build blood vessels or catheters.
Conclusion and Future Perspectives
HAp NPs, biocompatible polymers, and their composites have been extensively studied in both in vitro and in vivo biomolecular interactions for various biomedical applications. HAp, due to the similarity with the inorganic component of bones and teeth, remains the most suitable biomaterial to be used for bone regeneration and replacement. In order for the bone implants to be properly attached to the bone to ensure bone regeneration, HAp/polymer fusion interfaces have been developed. HAp NPs provide good osteoconductivity, bioactivity, and biocompatible interfaces, and the polymer contributes with a continuous and flexible structure and provides support structures for cellular growth. Since the structures, chemical compositions, and surface topographies of the HAp/polymer fusion interfaces will determine the interfacial interactions with the biological medium (cells, proteins, and tissues), several methods of depositing HAp NPs on the polymer surfaces have been developed. Within these methods, "bioinspired growth" is a promising method, since it forms a HAp with a structure more similar to the biological HAp NPs in the bones, which can allow a better incorporation of osseous implants. Since cell adhesion, migration, and proliferation are strongly influenced by the preadsorbed proteins, it is necessary to develop HAp/polymer fusion interfaces that bind only with specific proteins, such as fibrillar proteins, in order to enhance the adhesion and cell growth.
The above points have revealed some of the critical events for HAp NPs to stimulate an interface in body fluid. In future, the study on biointeractive interfaces of HAp NPs deposited on the rigid and soft polymers can be useful for biomedical applications. Due to that the HAp/rigid polymer has better support and strength, it can be used for bone repair and replacement in hard tissues, while the HAp/soft polymer can be used in skin tissues that require more flexibility to preserve their functions, as is the case with tendon repair and cartilage replacement, to build blood vessels or long-term catheters. Further researches can bring significant improvements to existing experimental methods to prepare and characterize useful nanobioceramic-polymer fusion interfaces. These studies will lead to a deep understanding of nanobiointerfaces.
To overcome existing scientific challenges, mutual interactions at the nanobiointerfaces should be explored by developing novel detection techniques for biomolecular interactions [253] . Proper understanding of cell behavior during contact with implanted HAp NP films is essential for attaining adequate health and safety. In particular, the development of tissue engineering techniques requires greater consideration of cell adhesion properties, whether for the improvement of the surfaces by adsorption or grafting of specific adhesion factors or for the development of hybrid materials for autologous bone cells and materials. Therefore, bioceramic-cell fusion interface studies have great potential in informing the development of superior biomaterials.
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